We present an imaging technique for the correction of geometrical effects in fluorescence measurement of optically thick, turbid media such as human tissue. Specifically, we use the cross-polarization method to reject specular reflection and enhance the diffusive backscattering of polarized fluorescence excitation light from the turbid media. We correct the nonuniformity of the image field caused by the excitationand-collection geometry of a fluorescence imaging system by normalizing the fluorescence image to the cross-polarized reflection image. The ratio image provides a map of relative fluorescence yield, defined as the ratio of emerging fluorescence power to incident excitation, over the surface of an imaged homogeneous turbid medium when fluorescence excitation-and-collection geometries vary in a wide range. We investigate the mechanism of ratio imaging by using Monte Carlo modeling. Our findings show that this technique could have a potential use in the detection of early cancer, which usually starts from a superficial layer of tissue, based on the contrast in the tissue fluorescence of an early lesion and of the surrounding normal tissue.
Introduction
The light-induced fluorescence ͑LIF͒ imaging technique has been extensively investigated as an effective and noninvasive method with which to diagnose diseased tissue, especially early stage cancers. [1] [2] [3] [4] [5] [6] [7] [8] [9] [10] [11] [12] Tissue autofluorescence is emitted from endogenous fluorophores excited by low-power, short-wavelength light. The autofluorescence measured on the tissue surface reveals some of the biochemical and biomorphological changes that are occurring in the tissue. Careful in vivo studies of several organ sites by calibrated fluorescence spectroscopy has shown that the tissue autofluorescence of early lesions is almost always less than that of the surrounding normal tissues, although the spectral line shapes of early lesions and normal tissues vary both from individual to individual and within an individual. 5, 7, 8 Tissue autofluorescence is not only a function of endogenous fluorophores but is affected by the tissue's optical properties as well, because tissue is a kind of turbid medium. Strong evidence indicates that a robust algorithm for discriminating a lesion from surrounding normal tissue should include information on the tissue's autofluorescence.
The calibrated fluorescence spectroscopy for in vivo study of tissue autofluorescence commonly utilizes a multiple optical fiber sensor to deliver the excitation light and collect the backscattered fluorescence signal. 5, 7, 8, 12 The distal tip of the sensor is gently touched to the tissue surface to ensure constant fluorescence excitation-and-collection geometry for measurements at different sites. This point-by-point diagnosis method has been successfully used for detection of early cancers at various organ sites. 7, 8 However, it is time consuming and not practical in clinical practice to examine a large area of tissue. It would be desirable to determine an imaging technique. For examination of a large area by an imaging device the recorded fluorescence is strongly affected by geometrical effects such as separation of the source-sample-detector, incident-emission angles, and irregularity of the sample surface. Without a mechanism to compensate for such geometrical effects, it is impossible to map the fluorescence in the imaged area, especially for in vivo measurements.
Several groups of researchers have studied geometrical effects on measurement of tissue fluorescence and explored various methods for determination of the relative fluorescence on tissue surfaces. Profio et al. 2 and Lenz 4 used a nonimaging approach to compensate for the inhomogeneity of fluorescence excitation and collection in tissue. In their studies the fluorescence signals were normalized to reflection signals of excitation light collected from the exactly same sites. The results showed that the geometrical effects could be corrected but that the artifacts caused by specular reflection from the tissue surface created many false positives. Analytical relations between fluorescence and diffuse reflectance have been developed, 13, 14 based on photon migration and diffusion theories. It has been proved that, with knowledge of the tissue's optical properties, the diffuse reflectance at the wavelengths of fluorescence emission can be used to correct the distortion of the autofluorescence caused by the scattering and absorption of tissue. Further, Wu et al. stated that the ratio of fluorescence to effective reflectance at the same wavelength could correct the geometrical effects in fluorescence measurement. 13 Moreover, they pointed out that specular reflection from a tissue surface must be carefully avoided or subtracted in the clinical application of the ratio method. Assuming that the scattering properties vary little in different samples of the same tissue, they demonstrated that the ratio technique can be directly used to extract a tissue's intrinsic fluorescence and correct the geometrical effects. In the research reported in Ref. 9 the calibrated fluorescence spectral images were obtained from the tissue surface in a special geometry by use of a combined ultrasonic and fluorescence spectroscopic system. The technique may be invalid when the angular distribution of the backscattered ultrasonic signal is different from that of the fluorescence signal. Wang et al. reported an image-processing method for measurement of relative fluorescence on the tissue surface. 10 In a fully digital approach the raw fluorescence image of tissue is normalized to a reference image, which is a processed raw fluorescence image by use of the moving-average algorithm, a type of low-pass filter. To ensure that the lesions are filtered out and the excitation and collection nonuniformities are retained in the reference image, the algorithm requires that the lesion width be much smaller than the imaged area. The variation of fluorescence was assumed to be a slowly varying function over the tissue surface, because a low-pass spatial filter cannot distinguish a lesion from a geometrical artifact whose spatial frequency is distributed in the same region as the lesion.
In this paper we present a ratio imaging method that maps the relative fluorescence on the surface of a homogeneous turbid medium with optical properties in the range of human tissue. The technique utilizes the ratio of fluorescence ͑F͒ to diffuse reflectance ͑R͒ of the excitation light collected by a LIF imaging system to correct the geometrical effects in the fluorescence measurement. Our study was motivated by the wellestablished ratio technique reported in Ref. 13 and the research of Profio 2 and Lenz. 4 We analyze the technique by using the method of Monte Carlo modeling. The technique is then evaluated experimentally with a series of homogeneous and inhomogeneous tissue phantoms in various excitation-and-collection geometries. We demonstrate that the technique could image an early lesion based on the contrast in autofluorescence between the lesion and normal tissue. Finally, qualitative discussions on modeling and experimental results are presented.
Methods
For a conventional LIF imaging system the fluorescence and reflectance of excitation light are easily measurable. The reflected light from the turbid medium consists of three components: specular reflection, nearly diffusive backscattering ͑scattered 1-2 times͒, and diffusive backscattering ͑specular reflection does not carry any information about nonuniformity of illumination and collection͒. Wu et al. have proved that the analytical relationships between fluorescence and diffuse reflectance measured at the same wavelength can be used to correct geometrical effects in fluorescence measurement. 13 The question is whether one can use the diffuse reflectance of excitation light, one of the easily measured constituents of a LIF imaging system to correct geometrical effects in fluorescence measurement.
To find the answer to the question we first investigated the characteristics of fluorescence and diffuse reflectance of excitation light on a tissue surface. Instead of taking the approaches based on diffusion or photon migration theory, we chose the method of Monte Carlo modeling with which to calculate the tissue fluorescence and reflectance. Monte Carlo modeling does not assume that fluorescence and reflectance are diffusive waves, as do diffusion and photon migration theories. However, the major disadvantage of Monte Carlo modeling is that it is time consuming to generate data with a reasonably good signal-to-noise ratio ͑SNR͒. Briefly, one calculates the distribution of excitation light in tissue by convoluting that of an infinitely narrow beam and the profile of the illumination beam. One calculates the escape function of the endogenous fluorophore at various depths by treating the emission of fluorophores as an isotropic radiating point source inside the tissue. The product of the distribution of excitation and the fluorescence excitation efficiency yields the fluorescence source distribution in tissue. Finally, the fluorescence emerging from the tissue surface is obtained by convolution of the fluorescence source distribution and the fluorescence escape function. In general, the fluorescence collected from the tissue surface can be calculated by
where ⌽ F ͑r, z, ex , em ͒ and ⌫ escape ͑r, z, em ͒ are the fluorescence source distribution and fluorescence escape functions in the tissue, respectively. ⌽ Ex ͑r, z, ex ͒ and ␤͑r, z, em ͒ in Eq. ͑2͒ are the distribution of excitation light and the fluorescence excitation efficiency at the emission wavelength, respectively. ⌽ Ex Ј͑r, z, ex ͒ and I profile ͑r, ex ͒ in Eq. ͑3͒ are the distribution of an infinitely narrow excitation beam and the true illumination beam profile, respectively. V refers to the convolution of two functions. A detailed description and discussion of Monte Carlo modeling for fluorescence and reflectance can be found in Refs. 8 and 15. In the simulation, collimated uniform excitation ͑20 mm in diameter͒ and a semi-infinite tissuelike turbid medium with a flat surface were assumed. The illumination-and-collection geometry is shown in Fig. 1͑a͒ , in which and are the collection and illumination angles, respectively. We modified the Monte Carlo code of Wang and Jacques 15 to enable it to generate angularly and radially resolved fluorescence and reflectance at various illumination angles
and an anisotropic factor ͑ g͒ of the homogeneous sample were chosen to be in the range of typical human tissue. 16 20 ϫ 10 6 photons were launched for each simulation. We calculated the fluorescence and reflectance at illumination angles of 0°to 75°at intervals of 15°. The normalized distributions of calculated fluorescence and reflectance at three representative illumination angles are displayed in Fig.  1͑b͒ . For clear illustration and discussion, only the data in the incidence plane defined by the incidence axis and the normal of the tissue surface are displayed. It is not a surprise that the fluorescence is almost Lambertian, regardless of the illumination angle, because the fluorescence source is isotropic. The reflectance has a distribution that is nearly Lambertian when the illumination is perpendicular to the tissue surface ͑ ϭ 0°͒. However, the symmetry of the reflectance is destroyed when the illumination becomes oblique. The major cause of the asymmetry is that tissue is the forward-scattering dominant turbid medium ͑ g ϳ 0.9, s Ͼ Ͼ a ͒. Backscattering with respect to the illumination axis is much less likely than forward scattering, which indicates that the diffusion and photon migration theories will produce errors in the calculation of angularly resolved reflectance because both theories treat fluorescence and reflectance as diffusive sources. Taking an approach similar to that of Profio 2 and Lenz, 4 we calculated the ratio ͑F͞R͒ of fluorescence to reflectance of the excitation collected at the same angle ͑͒. The results are shown in Fig. 2 . The dashed-dotted semicircle with a radius F͞R angle ϭ ϭ 0°is displayed as a reference. Comparing the F͞R ratio in the various illumination-and-collection geometries with the reference, we can see clearly that, when angle is close to , the ratio value varies little and the F͞R ratio effectively corrects the geometrical effect. In contrast, the fluorescence emission shown in Fig. 1͑b͒ is highly dependent on collection angle as a Lambertian source. Our results are consistent with that stated by Wu et al., 13 though the reflectance used in this F͞R ratio method is at the wavelength of the excitation light instead of at that of the fluorescence emission. It should be emphasized that the correction by the F͞R ratio method becomes invalid , and g ϭ 0.87. ͑a͒ Illumination-and-collection geometry: ʦ͑0°, 90°͒ and ʦ͑Ϫ90°, 90°͒. ͑b͒ Normalized angular distribution of fluorescence and diffuse reflectance emerging from the tissue surface. Solid circles, illumination angle ϭ 0°; long-dashed circle, ϭ 30°; dashed-dotted circles, ϭ 75°, short-dashed circles, Lambertian source. when F and R are collected at an angle far from the illumination axis, as we discuss in Section 5 below.
In a practical imaging system the fluorescence and reflectance signals are collected at a solid angle. We calculated the F͞R ratio of a system that collects the signals within a cone of a Ϯ5°angle from the illumination axis. The collection geometry and results are shown in Fig. 3 . As can be seen, the F͞R ratio weakly depends on the illumination angle ͑͒. The correction of the geometrical effects is valid for a wide range of illumination angles.
It should be noted that the illumination-andcollection geometry in the model is not appropriate for many applications, such as endoscopic imaging systems. Also, the model was based on one set of optical properties of tissue. Nevertheless, the modeling results provide some insights into the relationship between fluorescence and excitation reflectance, and they seem encouraging. In principle, one can use Monte Carlo modeling to study this F͞R ratio method in any fluorescence excitation-and-collection geometry. However, the computation time and data space will be significantly increased when a geometry with noncollimated illumination and an irregular tissue surface is modeled. 15 The experimental investigation is more efficient for studying the relation between fluorescence and reflectance in a practical geometry such as an endoscopic imaging system.
As we pointed out at the beginning of this section, the reflection of excitation light from a tissue surface includes three components. Although the diffuse reflectance may be used as the reference in the F͞R ratio method to correct the geometrical effects, specular reflection will create artifacts. 2, 4, 13 Measures must be taken to remove specular reflection from the reflection of the excitation light and retain the diffusive components. Tissue is a kind of turbid medium. Light is scattered and absorbed during propagation inside the tissue. In the visible region the light in tissue is highly scattered and the transport of light is dominated by scattering events. It is well known that the polarization of light will be changed when a scattering event occurs. If the excitation light has a certain state of polarization, multiple scattering in the tissue, which yields diffusive reflectance, will randomize the state of polarization. In contrast, specular reflection maintains the original polarization state of the excitation light. Thus a polarization-sensitive imaging system can separate the specular and the diffusive reflectance components. Recently Demos and Alfano, 17 Demos et al., 18 and Perelman et al. 19 used the polarization imaging techniques to characterize tissue structures.
To reject the specular reflection and extract the diffusive components from the total reflectance of excitation light we utilize a cross-polarization imaging method. Linearly polarized excitation was chosen for this study because linearly polarized light is more easily randomized than is circularly polarized light in a turbid medium. 20, 21 Experimentally, we illuminate a tissue-simulating sample ͑turbid medium͒ with linearly polarized fluorescence excitation light and by the use of a polarization analyzer in front of the imaging sensor record the cross-polarized image. Because forward scattering dominates light propagation in the human tissue, the cross-polarized components in the reflection are produced mainly by multiple scattering and are highly diffusive. The information carried in the cross-polarization image comes predominantly from beneath the superficial layer. [17] [18] [19] The specular reflection and superficial information ͑mainly as a result of single backscattering͒ that cause artifacts in the correction of geometrical effects are almost completely removed in the cross-polarized image. Taking the ratio of the fluorescence signal to the cross-polarized reflection recorded from the same position forms a normalized fluorescence image. The geometrical effects can be corrected in the F͞R ratio image by the approach reported in Ref. 13 .
System and Materials

A. Experiment
The experimental arrangement for recording the cross-polarized and fluorescence images is shown in Figure 4 . The excitation source was a solid-state frequency-doubled laser with output power of ϳ200 mW at a wavelength of 457 nm ͑blue microlaser, Laser Power Corporation͒. The laser light was de- Fig. 3 . F͞R ratio collected by an imaging device such as an endoscope. Left, illumination-and-collection geometry; right, dependence of F͞R ratio on illumination-and-collection angle. 
mm-diameter. The fluorescence and reflection signals from the sample were collected by a standard commercial endoscope ͑7200A, Karl Storz͒ and imaged to an 8-bit CCD camera ͑WAT-502A, Watec, Inc.͒. The imaging channel of the endoscope was ϳ1.8 mm in diameter. The angle between the optical axes of the endoscope and the illumination optics was ϳ15°. The distal tips of the endoscope and the illumination optics were attached to each other and were located ϳ10 mm away from the surface of the sample. The imaged area on the sample surface, which was smaller than the illuminated area, was approximately 10 mm ϫ 10 mm at ϭ 0°. To vary the geometry of illumination and collection, the sample could be rotated along the axis across point A and perpendicular to the plane of the page in Fig. 4 . The holder of a long-pass filter with a cutoff wavelength at 470 nm and a polarizer with its polarization axis perpendicular to that of excitation light allows for easily selecting the fluorescence or the crosspolarized imaging channel. The system extinction ratio of the cross-polarized imaging channel is ϳ100:1. The extinction ratio is defined as the ratio of the maximal transmittance ͑parallel͒ for a linearly polarized light to the minimal transmittance ͑cross͒. The fluorescence and cross-polarized images are grabbed by a frame-grabber ͑Genesis-LC, Matrox Electronic Systems, Ltd.͒ at rate of 25 frames͞s. To improve the signal-to-noise ratio we formed the fluorescence image by taking an average of 16 image frames. The ratio image of fluorescence versus cross-polarized reflection was then generated by a PC computer.
The SNR of the ratio image is strongly dependent on the quality of the fluorescence and the crosspolarized images. We found that the speckle effect did cause the quality of reflection image to deteriorate because the excitation was from a laser, a coherent source. Many methods to reduce the speckle effect and improve the image quality have been proposed. [22] [23] [24] Here we used a vibration mechanism reported in Ref. 22 to modulate the fiber and randomize the phases of the propagating modes in the fiber. In our experimental setup a small part of the fiber ͑ϳ5 mm in length͒ was driven by a voice coil. When modulation was applied, the speckle pattern became a time-varying function that depended on the vibration amplitude and frequency. We found that the speckle noise in the reflection image can be effectively averaged out when the modulation frequency is set to ϳ600 Hz.
B. Tissue Phantoms
Tissue-simulating phantoms were made of gelatin that consisted of 20% solids dissolved in boiling deionized water, polystyrene spheres of 0.55-m diameter ͑Polysciences, Inc.͒, a fluorescent dye mixture, and blood, the dominant absorber. The method for preparing the gel-based solid phantom has been well documented. 25, 26 The scattering coefficients of the tissue phantoms, which were controlled by the concentration of polystyrene microspheres, were determined by two independent methods: measurements of the total attenuation coefficients and calculation by Mie theory. [27] [28] [29] [30] [31] In the first approach we measured the unscattered transmittance of an optically thin scattering sample that was made from the gel-microsphere mixture without adding any absorbers. The total attenuation coefficient, the scattering coefficient of a pure scattering sample, then could be obtained from the unscattered transmittance by the Beer-Lambert law. We used the spectrophotometer shown in Fig. 5 to determine the optical properties of the tissue phantoms. We used an optical fiber of 200-m diameter to conduct broadband illumination from a white-light source ͑fiber optic illuminator 77501, Oriel͒. The light from the fiber was collimated into a beam of 2-mm diameter by the use of a lens and three apertures. The divergent angle of the beam was approximately 10 mrad. The transmission signal was collected by a lens-fiber system and analyzed by a spectrometer ͑MCS 55 UV-NIR, Zeiss͒. The thickness of the samples used in the measurements varied from 0.3 to 0.45 mm. In our calculation of scattering coefficient and anisotropic factor ͑ g͒ by Mie theory we used the refractive indices of gel and polystyrene microspheres reported in Refs. 31 and 32. Figure 6͑a͒ displays the experimentally measured and theoretically calculated scattering coefficients of the tissue phantoms used in this research. The experimental scattering coefficient of a microsphere concentration at 0.5% by weight ͑w͞w͒ was extrapolated from the data at 0.25% and 0.35% w͞w because the spectrometer was not sensitive enough to detect highly attenuated light. As can be seen, the experimental results are well consistent with the calculation of Mie theory. The calculated g factor is shown in Fig. 6͑b͒ . The scattering coefficients and anisotropic factor of the tissue phantoms were in the range of typical human tissue. 16 The amount of absorption of tissue phantoms is determined by the concentration of blood, the dominant absorber. In this study, fresh blood was drawn from mice. Red cells were rinsed with phosphatebuffered saline ͑pH 7.4͒ and then lysed by addition of deionized water. Fragments of cell membranes were removed by centrifugation. The absorption co- efficient of the hemolyzed blood was measured with the spectrophotometer shown in Fig. 5 . The concentration of hemoglobin ͑most cells were oxygenated͒ could be determined by the ratio of measured absorption coefficient to that of pure oxyhemoglobin reported in Refs. 33 and 34. By controlling precisely the hemoglobin concentration in the gel, we set the content of blood with a hematocrit of 0.51 for the three groups of tissue phantoms that we used to 2.5%, 5%, and 7.5% by volume ͑v͞v͒.
To simulate fluorophores in the tissue we used a mixture of highly efficient green and red Stabilo Boss dye fluorescent highlighters. A typical fluorescence spectrum of a tissue phantom measured by a spectrometer is shown in Fig. 7 . The fluorescence spectral coverage of the dye mixture is also in the range of in vivo measured autofluorescence of human tissues. [1] [2] [3] [4] [5] [6] [7] [8] [9] [10] [11] [12] The absorption of the fluorescence dyes at the concentration used in the tissue phantoms is much less than that of blood and can be negligible.
All samples used in this study were ϳ25 mm in diameter and 4.5 mm thick.
Results
A. Homogeneous Phantoms
We demonstrate that the geometrical effects on fluorescence imaging of the homogeneous tissue phantom can be corrected to a great extent by the F͞R ratio imaging method. In the first experiment, all the samples with different optical properties were homogeneous and had flat surfaces. The compositions of the samples are listed in Table 1 . We changed the imaging geometry by rotating the sample along the axis across point A and perpendicular to the plane of the page in Fig. 8 . The fluorescence and crosspolarized images were collected from all tissue phantoms at Ј ϭ 0°-60°in increments of 15°. For the measurements at large angles , the illumination became highly nonuniform. We did not perform a measurement for Ј Ͼ 60°because of the limited dynamic range and sensitivity of our 8-bit CCD camera. Also, the image blurring caused by aberrations in the imaging system became the major source of error as angle became greater than 60°.
For a fair comparison, the mean gray levels of all the raw fluorescence images and ratio images of fluorescence against cross-polarized reflection were adjusted to 128, half of the full gray levels of an 8-bit image. The typical raw fluorescence and ratio images are shown in Fig. 9 . The histogram for the gray level in the figure indicate the homogeneity of the image. As can be seen from Fig. 9 , the raw fluorescence image is highly nonuniform and the gray levels vary across a wide range. In contrast, the ratio image is uniform and its gray level has a narrow distribution about 128, the mean gray level. We found that the standard deviations of gray levels for the raw fluorescence images recorded from all six phantoms varied from 24 to 41 at Ј ϭ 0°-60°, whereas the standard deviations of the ratio images fell into a range from 1.8 to 4.5, much smaller than that for the raw fluorescence images.
In the second experiment we examined the performance of the ratio technique for imaging of a homogeneous sample with an irregular surface. The profile of the phantom surface was constructed as shown in Fig. 8 . The width and the depth of the grooves were ϳ8 mm and ϳ5 mm, respectively. The blood content and the concentration of polystyrene microsphere of the phantom used in the experiment were 5% v͞v and 0.35% w͞w, respectively. The fluorescence and cross-polarization images were taken in the same fashion as for the first experiment at Ј ϭ Fig. 8 . Simplified geometry of the experimental imaging system. Left, Imaging of a flat surface phantom at Ј 0; right, imaging of a phantom with an irregular surface at Ј ϭ 0°. is the excitation-and-collection angle. Fig. 9 . Images collected from a tissue-simulating phantom with a blood content of 2.5% ͑v͞v͒ and a microsphere concentration of 0.5% ͑w͞w͒ at Ј ϭ 30°. ͑a͒ Raw fluorescence image and histogram of its gray level, ͑b͒ F͞R ratio image and its histogram.
0°. The raw fluorescence and ratio images are shown in Fig. 10 . As can be seen, the inhomogeneity in the raw fluorescence has been significantly compensated for by the F͞R ratio imaging technique.
B. Inhomogeneous Phantoms
In this study we evaluated the performance of the F͞R ratio imaging on inhomogeneous tissue phantoms. We classified the phantoms based on the amount of inhomogeneity in the concentration of fluorophores and optical properties. To construct an inhomogeneous tissue phantom we replaced parts of the homogeneous sample with samples of different fluorophore concentrations or optical properties. For the fluorescence contrast phantom shown in Fig.  11͑a͒ the parts of the homogeneous sample in the shaded areas were replaced with simulated lesions of slightly lower fluorescent dye concentration and the same optical properties. The blood content and the microsphere concentration of the phantom were set to 5% and 0.35%, respectively. Two shallow holes were made to make the surface irregular and to create geometrical interference for identifying the simulated lesions. The structure of the absorption and scattering contrast phantoms is shown in Fig. 11͑b͒ . For the absorption contrast phantom the parts of the sample in areas A and B were replaced with samples of 10% and 2.5% blood content, respectively. The blood content of the surrounding sample was 5%. The concentration of polystyrene microspheres in all samples that we used to construct the absorption contrast phantom was set to 0.35%. For the scattering contrast phantom, samples in areas A and B were replaced with samples of microsphere concentrations 0.5% and 0.35%, respectively. The microsphere concentration of the surrounding sample was 0.25%. The blood content in all samples for the construction of the scattering contrast phantom was set to 5%. The concentrations of fluorescent dyes in all the absorption and scattering contrast phantoms were constant.
The results shown in Fig. 12 are the raw fluorescence and ratio images of three inhomogeneous phantoms. The back-to-back comparison of the raw fluorescence and ratio images demonstrates again that the geometrical effects have been well corrected in the F͞R ratio method. The image of the fluorescence yield contrast phantom demonstrates that the ratio technique can clearly identify the simulated lesions that yield slightly lower fluorescence. In the raw fluorescence image, one cannot separate the artifacts created by two holes from the simulated lesions. However, only the simulated lesions that yield low fluorescence appear clearly in the ratio image, and the geometrical artifacts caused by the holes were almost completely eliminated. Furthermore, the ratio image of the absorption contrast phantom shows that the variation of fluorescence signal caused by the uneven distribution of blood has been compensated for effectively. The results from the measurement of the scattering contrast phantom suggest that the variation of scattering property across the tissue surface can be detected in the F͞R ratio image.
Discussion
We found that specular reflection in the crosspolarized image was significantly reduced by a crosspolarization imaging system with an extinction ratio of 100:1. The image shown in Fig. 13͑a͒ is a reflection image taken from the fluorescence yield contrast phantom at Ј ϭ 0°with the polarizer in the crosspolarization imaging channel removed. The specular reflection signal in the image is much higher than that of diffusive reflection and a saturated large area of CCD sensor. Comparing the F͞R images in Fig.  13 with that in Fig. 12͑b͒ makes clear that specular reflection causes major artifacts if the direct reflection signal is used as the reference to compensate for the geometrical effects in the F͞R ratio technique. We could further improve the performance of the system used in this study by optimizing the optical design and increasing the extinction ratio.
In the measurements of the homogeneous phantom with a flat surface, the homogeneity of the ratio image decreased slightly as angle Ј increased but was not sensitive to the polarization plane of the excitation light and to the optical properties of samples. In the measurements of the homogeneous phantom with an irregular surface, the line profile analyses in Fig. 10 show that a small variation of the pixel value in the ratio image does have a weak correlation with the profile of the sample surface. These results indicate that the excitation incident angle and the fluorescence collection angle play roles, though insignificant ones, in determining the F͞R ratio value obtained. The simplified geometry of our imaging system is shown in Fig. 8 . The excitation incident angle and the fluorescence collection angle are assumed to be the same because the sizes of the illumination microlens and the endoscope lens are much smaller than the distance from the sample to the distal tips of the endoscope and the illumination optics. The range of excitation-and-collection angle for a phantom with a flat or irregular surface is then determined by the degree of irregularity in the surface and by angle Ј. In Fig. 14 we display the pixel value of ratio images as a function of angle based on measurements of all homogeneous tissue phantoms. The value of the ratio increases slightly as increases in the range 0 -70°. This result seems consistent with the results of Monte Carlo modeling shown in Fig. 3 , although the experimental and modeling geometries for endoscopic imaging are different. The ratios at angle Ͼ 70°were not measured for the reasons discussed in Section 3. We found that the maximal variation of ratio in the range of angle from 0 to 70°is less than 7%. This sets the accuracy or sensitivity in relative fluorescence mapping of tissuelike turbid media.
The results of Monte Carlo modeling in Fig. 2 show that the F͞R ratio remains constant and that the geometrical correction is valid for F and R collected in a specific range of backscattering angle ͑calculated as ͉ Ϫ ͉͒ from the illumination axis. Angles and are defined in Fig. 1͑a͒ . However, the ratio value drops quickly when backscattering angle ͉ Ϫ ͉ becomes large. This shows that the reflectance has a similar angular distribution to the fluorescence for a small backscattering angle from the illumination axis but not for a large angle. The difference is caused mainly by the contribution of the nearly diffusive component that is the result of photons scattered once or twice in the tissue 35 to the total diffuse reflectance, which consists of both a nearly diffusive component and a diffusive component. The diffusive component is produced by multiple scattering and has characteristics similar to those of Lambertian fluorescence. As light propagation in tissuelike turbid media is dominated by forward scattering ͑ g ϳ 0.9͒, the probability of a single-scattering event in a small backscattering angle is much smaller than for a large backscattering angle and forward scattering. Thus the nearly diffusive reflectance must be dominated by photons backscattered in a large angle ͉͑ Ϫ ͉͒ from the illumination axis. In contrast, smallangle backscattering from tissue is dominant in diffusive reflectance, which has an angular distribution similar to that of Lambertian fluorescence. The contribution of the nearly diffusive component to the total diffuse reflectance becomes significant with increasing backscattering angle ͉ Ϫ ͉. Therefore the nearly diffusive photons in the total reflectance cause a decrease in the F͞R ratio and invalidate the geometrical correction in a large backscattering angle ͉ Ϫ ͉. For good correction of the geometrical effect the fluorescence and the diffuse reflectance must be collected in a small backscattering angle in which the contribution of the diffusive component to the total diffuse reflectance is dominant. Apparently, the endoscopic imaging system used in the experimental study satisfies that condition.
The measurement of the fluorescence contrast phantom demonstrates that the ratio imaging method can identify simulated lesions that have a fluorescence that is slightly lower than that of the surrounding sample and can eliminate geometrical artifacts. Quantitatively, the fluorescence of the simulated lesions used in the experiment was set to ϳ80% of that of the surrounding samples. In raw fluorescence it was not possible to distinguish the lesions from the artifacts created by two shallow holes on the surface of the sample. In the ratio image the difference in fluorescence between simulated lesions and simulated normal tissue was obvious. Line profile analysis has shown that the border between the simulated lesions and the simulated normal tissue is smooth because of the migration of fluorescence photons from the surrounding samples to the simulated lesion areas. A clinical study showed that the contrasts in fluorescence between early lesions and normal tissue in many organ sites are greater than in our phantom. [5] [6] [7] [8] 10 Our results hold the promise for potential application to identifying early lesions clinically by the use of the ratio imaging technique.
It is an important finding that the ratio method can effectively correct the artifacts caused by variation of blood content in the sample. The blood in tissue is usually not evenly distributed, depending on local vascularization. As a dominant absorber, blood strongly affects the distribution of excitation light in tissue. The fluorescence intensity of tissue is correlated to local blood content, as shown in the raw fluorescence image recorded from the absorption contrast phantom. A variation of blood content also appears in the crosspolarized reflection image. However, the F͞R ratio image indicates that the effects of absorption on fluorescence and diffuse reflectance signals can cancel each other. In the measurement of the scattering contrast phantom we found that the reflectance is affected by variation of the scattering coefficient, whereas the fluorescence signal is less sensitive to changes in scattering. It appears that the uneven distribution of scatterers does not significantly contribute to the inhomogeneity of a raw fluorescence image. The geometrical effects are corrected in the ratio image, but the high and low scattering areas appear clearly and create artifacts in maps of fluorescence yield. Fortunately, the structure of real tissue, which determines the scattering coefficients, is not likely to vary so suddenly as in the scattering contrast phantom. The artifacts of scattering may not play an important role in clinical applications.
Conclusions
A combination of cross-polarized and fluorescence imaging techniques has been successfully used to correct geometrical effects in fluorescence measurement of tissuelike turbid media. This technique permits mapping of fluorescence yield over a homogeneous tissue surface. The sensitivity and accuracy of the detection of variations in fluorescence depend weakly on the excitation incident and fluorescence collection angles. Based on the experimental results, the ratio imaging technique can identify a variation of fluorescence in tissue of greater than 7% when excitation incident and fluorescence collection angles are in the range 0 -70°. It should be emphasized that the theoretical analysis and the experimental study were done with single-layered tissuelike samples. As was discussed in Ref. 13 , real tissues are usually multiply layered; their fluorophores are distributed as a function of depth. Extensive in vivo investigation will be needed to evaluate the performance of this ratio technique for clinical practice. Our future research will focus on understanding the relation between polarized light and fluorescence in tissue and on constructing an endoscopic imaging system based on the ratio method for in vivo study of autofluorescence of human tissue. 
